The mechanical properties of articular cartilage vary enormously with loading rate, and how these properties derive from the composition and structure of the tissue is still unclear. This study investigates the mechanical properties of human articular cartilage at rapid rates of loading, compares these with measurements at slow rates of loading and explores how they relate to the gross composition of the tissue. Full-depth femoral head cartilage biopsies were subjected to a slow, unconfined compression test followed by an impact at an energy of 78.5 mJ and velocity 1.25 m s -1 . . The modulus was calculated from the slope of the loading curve and the coefficient of restitution from the areas under the loading and unloading curves.
Introduction
Articular cartilage provides a resilient, low-friction bearing surface to bones where they articulate in diarthrodial joints. It is a remarkably smooth and tough material and protects the joint by distributing applied loads. Mechanical damage caused, for instance, by trauma may lead to osteoarthritis (OA) and studies in vivo have suggested that cell damage, oxidative stress and apoptosis may play a significant role in this process [1, 2] . The chondrocytes are protected by being embedded in an extensive matrix that has a complicated structure. They can regulate their biosynthesis of matrix molecules, and thereby control the composition of the matrix, in order to match the mechanical properties of the tissue to the prevailing loading environment, but their regenerative capacity is limited. Relationships between the composition and structure of the tissue and its mechanical properties are still poorly understood and the advent and rapid expansion of attempts to engineer replacement articular cartilage make understanding this relationship increasingly urgent as efforts are made to match the repair tissue to the natural tissue [3] . Measurements of the mechanical properties depend strongly on the rate of loading [4] and the nature of the test performed, for example, confined or unconfined. In addition, many studies have used animal, especially bovine, tissue but it is becoming apparent that bovine tissue is not a good model for human tissue, metabolically, structurally or mechanically [5] [6] [7] [8] [9] .
We have hypothesized that cartilage is a biological example of a fibre-composite material in which the strong and stiff collagen fibrils reinforce a mechanically weak proteoglycan gel [10] . In such materials interactions between components play an important role [11] . In a previous study of bovine cartilage, in which we found the site variation of composition over the tibial plateau to be similar to previous reports from other joints, we found no clear relationship between gross composition and modulus measured at slow rates of loading [12] .
There are few studies relating tissue composition to mechanical properties at high rates of loading. Confined compression tests on bovine tissue using a porous impactor [13, 14] reported moduli of over 1000 MPa, dependent on stress rate and proteoglycan and water contents. Water loss increased with stress but decreased with stress rate and the relationship between proteoglycan content and dynamic modulus was reported to be weak [14] . In our previous studies, however, no significant water loss was detected from bovine cartilage subjected to impact loads [15] .
Early studies of the mechanical properties of cartilage subjected to impact loads reported that, per unit thickness, cartilage attenuated peak forces ten-times more effectively than bone [16, 17] . Using a drop tower to apply an impact load to achieve strains of 10 -50 % at strain rates of 500 s -1 or 1000 s -1 Finlay and Repo [18] found stresses of 25 MPa were required to produce structural damage or chondrocyte death in human tissue. These stresses corresponded to strains of approximately 20 -30 % and involved energy absorption of 1 MJ m -3 . No difference was found between the moduli at the two strain rates [19] . In subsequent studies, however, using a wider range of strain-rates in unconfined compression testing, moduli have been reported up to several hundred megaPascals with a dependency both on stress-or strainrate and stress magnitude (summarized by Natoli and Athanasiou [20] ). Oloyede et al. [21] , using a pendulum device and bovine cartilage, showed that the compressive modulus at an applied stress of 0. between human and bovine tissue subjected to impacts of equal energy using both an impactor, in which the whole tissue is loaded, and an indenter in which only a central core is subjected to direct loading. Higher modulus values were found in bovine tissue than human [5] . Some of the differences may be due to different thicknesses of tissue but differences in failure behaviour and modulus were more difficult to explain. Others found differences between human and bovine, albeit at slower loading rates, with moduli reported of about 1.6
MPa for human tissue and no attempt to relate mechanical measurements to composition [9] .
The aim of this study was to measure the mechanical properties of elderly articular cartilage during impact loading, compare these data with similar measurements recorded from the same tissue under slow loading and investigate how these are related to collagen, glycosaminoglycan (GAG), and water contents of the tissue. To do this, full-depth cores of cartilage were taken from defined sites over the human femoral head. These data will provide a framework for comparison with biosynthetic constructs.
Materials and methods

Tissue preparation
Human femoral heads were obtained following a hemi-arthroplasty for a fracture of the neck of the femur (eight male, six female, average age 79 years, age range 63-89 years). Approval was obtained for the use of this material from the Local Research Ethics Committee. Only femoral heads with visual evidence of minimal cartilage fibrillation were used. Full-depth cartilage samples with no bone, 5 mm in diameter, were removed from eleven sites over the femoral head using a cork borer and scalpel [12] . To ensure repeatability of sample sites, a master template was created ( Fig. 1 ) and copied to ultrasound probe covers (SSL International plc, Knutsford) that are stretchy and semi-transparent. The template markings were then transferred to the cartilage by injecting a small spot of bromophenol blue through the probe cover into the femoral head. The supero-anterior (SA) and supero-posterior (SP) samples were at 30 o from the most superior site (S) to encompass the region of peak loading [23] .
Samples were maintained in phosphate-buffered saline (PBS) except during the testing procedures.
The thickness of each sample was measured optically using a Zeiss Stemi-2000 stereo- across a sample, were removed at this stage. Excess fluid was removed from the surface by gentle blotting between moistened paper tissues and each sample was then weighed in a preweighed Eppendorf tube containing ~1 mL of PBS. Each biopsy was weighed three times:
just prior to testing (one day after sample removal), immediately after the impact test and a third time 24 hours later in order to measure how much water was lost or gained. In previous studies we have found that the tissue mass equilibrates within 24 hours of removal from the joint [24] . Each sample was tested first in slow compression, equilibrated for at least 30 minutes in PBS and then subjected to an impact test as described below.
Slow Compression Testing
Unconfined compression testing was done using an Instron materials testing machine, model 
Impact Testing
The drop tower and instrumentation used for impact testing have been described in detail elsewhere [25] . Briefly, each sample was placed on a stainless steel plate on top of a piezoelectric force transducer (Kistler Instruments Ltd., Alton). An impactor, with a mass of 100 g, was released mechanically from a height of 80 mm above the articular surface and fell freely onto the sample. This corresponded to a calculated impact energy of 78.5 mJ and a contact velocity of 1.25 m s -1 . The impactor was fitted with an accelerometer (Kistler Instruments Ltd., Alton), capable of measuring accelerations up to 500g, where g is the acceleration due to gravity. These values were chosen based on our previous studies in order to produce minimal damage to the tissue.
Data from the force transducer and the accelerometer were low-pass filtered and the resulting curve overlaid on the original to check that no distortion had occurred. Force data were converted to engineering stress by dividing by the original cross-sectional area of the sample.
Accelerometer data were integrated twice to find the displacement and this was divided by the original thickness of the sample to determine the engineering strain. The stress-strain curve for each sample was then differentiated to obtain the modulus. The peak dynamic modulus, E dyn , was found as the maximum gradient and, for comparison with slow loading, the modulus at 0.1 MPa (E 0.1 ) from the gradient at this stress. Mean stress-and strain-rates were calculated from the peak value divided by the duration of impact. Peak strain-rate was calculated from the quotient of impact velocity and sample thickness, peak stress-rate from the stress-time data.
The energy of the applied impact was calculated from the mass and drop height, assuming a frictionless drop [24] . A force-displacement plot was produced for loading and unloading phases. The energy of deformation, W c , was found from the area under the loading curve to maximum deformation and the energy released during restitution, W r , by integrating the unloading curve from this point back to zero strain [15] . The square of the energetic coefficient of restitution is given by e * 2 = -W r /W c [26] so that a perfectly elastic collision has e * = 1 and a plastic collision in which all the kinetic energy is dissipated has e * = 0.
Biochemical analysis
The gross composition of the human femoral head cartilage samples was measured in terms of the mass of water, sulphated glycosaminoglycans and collagen as a percentage of total wet mass. Water content was measured by weighing before and after lyophilisation for 24 hours.
Samples were then digested in 20 μL x (cartilage wet mass in mg) of papain solution (135 μg mL -1 containing 0.1 M sodium acetate, 5 mM EDTA and 5 mM cysteine-HCl, pH 6.0) for 24 h at 65 °C. Sulphated glycosaminoglycans were measured using a dimethylmethylene blue (DMMB) method, modified from that described by Stone et al. [27] for use in a 96-well plate, and standardised against chondroitin-6-sulphate (Sigma, C4384). Collagen content was measured using a hydroxyproline assay [28] assuming 13 g hydroxyproline per 100 g collagen [29] .
Statistical analysis
Statistical analysis was done using SigmaStat 2.03 (SPSS UK Ltd, Woking). Data were tested for normality using the Kolmogorov-Smirnov test with the significance level set to P = 0.05.
Normally distributed data are presented as mean and standard deviation (mean (sd)), otherwise values are shown as median [25%, 75%] percentiles. Site variation was investigated using analysis of variance (ANOVA) with the null hypothesis being that there were no differences between sites. Pair-wise multiple comparisons were done using the Tukey test. If the data were not normally distributed then a Kruskal-Wallis ANOVA on ranks was performed instead and pair-wise comparisons performed using Dunn's method. The strength of association between parameters was calculated using Spearman's rank correlation. The contribution of composition to the mechanical properties was investigated using best-subsets regression, and linear regression was used to assess dependencies.
Results
A number of samples were uneven or wedge-shaped, making testing unreliable, or were ejected from between the anvils during testing, resulting in 113 samples for analysis. The mean thickness of the cartilage was 1.42 (0.45) mm but significant variation was found over the femoral head (P < 0.001), ranging from 0.59 -2.29 mm. The thickest cartilage was found in an arc over the superior region (Table 1 ) and the thinnest cartilage below the fovea in the inferior and lower posterior and anterior regions. No damage was apparent to any of the samples and this was confirmed in histological sections from a random selection of impacted samples.
Cartilage Modulus
The stress-strain relationship was non-linear for both slow and impact loading; the modulus increased with increasing stress (Fig. 2) . The dynamic and quasistatic moduli are given for each site in Table 1 . E dyn varied significantly with location on the femoral head (P < 0.001) but correlated negatively with the thickness of the cartilage, E dyn = 91.7 -22.5 [thickness] (R = -0.49, P < 0.001). Cartilage thickness will affect the strain rate and if E dyn was adjusted as if to unit thickness using the above regression the variation with site became non-significant (P = 0.10). There was some site variation of E slow (P = 0.055) with the greatest values for E slow found over the superior aspect and the inferior region having the smallest modulus.
Correlation with thickness in this case was positive (R = 0.68, P < 0.001). Values for the dynamic modulus at 0.1 MPa, E 0.1 , were very similar to those for E slow ( Table 1 ). The strain in the tissue at which E dyn occurred did not vary with site over the femoral head, strain(E dyn ) = 0.54 (0.12) (P=0.52). Peak and mean stress-rates were strongly correlated (R = 0.98, P < 0.001), as were peak and mean strain-rates (R = 0.97, P < 0.001). There was a significant and strong correlation between E dyn and peak stress rate (R = 0.83, P < 0.001), but a less strong correlation between E dyn and peak strain rate (R = 0.45, P < 0.001). Peak stress-rates varied from 11. ) was returned elastically, the remainder being dissipated.
Mass and composition
Following impact, there was no detectable mass loss within the resolution of the balance (0.01 mg). On replacing in PBS there was a small gain in mass of 1.98 % [1.37 %, 2.98 %] after 24 h compared with the initial equilibrium mass.
Biochemical analysis showed the overall composition to be 70.9 (2.6) % water, 11.1 (2.9) % collagen, 5.4 (1.3) % GAG, leaving 12.6 % of the mass not accounted for by these measurements. The water and GAG content of samples varied with site over the femoral head but no variation was found in collagen content (Table 2) . ANOVA showed significant differences for percentage wet weight GAG over the femoral head (P < 0.001) and pair-wise comparisons showed the inferior region to have a lower GAG content compared with all other sites except the lateral anterior (A2) and lateral posterior (P2) sites. There were no significant differences between any of the other sites. The percentage water content of the samples also showed some significant differences (P = 0.002) between sites with the inferior region and lateral anterior region (A2) having a higher water content than the medial superior-posterior region (SP1). Correlations between composition and dynamic and quasi-static moduli (Table 3) showed that moduli were more strongly associated with collagen and water contents than with GAG content. The correlations, however, were reversed between quasistatic and dynamic moduli.
Water and GAG contents were negatively correlated (R = -0.35, P<0.001). The energy of deformation was significantly correlated only with water and collagen contents (P<0.001). 
Discussion
In this study we attempt to relate measures of mechanical properties at slow and impact loading rates with measurements of gross composition in elderly human articular cartilage.
Many studies have been done using animal tissue and slow rates of loading, fewer using impact loading and fewer still exploring relationships between mechanical and compositional measurements for which, currently, there is no conceptual framework. Tissue from the elderly is of particular interest as it is more likely to suffer degeneration in diseases such as OA, although for the individuals in this study it has survived with no apparent loss of integrity.
The age of the donors means that the tissue often appears slightly matt, unlike the shiny surface of young tissue, but care was taken to exclude tissue showing any signs 'fraying' or overt damage that could be seen by visual inspection. Despite the limitations of this study we extend previous data to incorporate features of dynamic loading such as a dynamic modulus and the coefficient of restitution.
The mean peak dynamic modulus measured at each site over the femoral head was between 20 and 60 times greater than that measured at the same site using slow rates of loading.
Comparing the moduli at different loading rates at the same stress of 0.1 MPa, perhaps a fairer comparison, indicates that the dynamic modulus is very similar to that measured during slow loading, although measuring the dynamic modulus at this stress was difficult as this point lies within the first few data points of the stress-strain curve (Fig. 2) . At fast rates of loading, however, the modulus rapidly increases to reduce the strain sustained by the tissue and a nonlinear model is almost certainly required to understand the behaviour of the tissue [30] . It is the modulus measured using conventional 'slow' loading that is traditionally quoted for The impact energy used here was chosen to cause minimal damage to the tissue. We have shown this previously using histology [5, 15, 24] and similar results were found here with no evidence of fissuring in histological sections of a selection of samples (data not shown).
Unlike testing using a standard testing machine, during impact loading there is no control over the peak load or deformation so constant energy was chosen as the governing factor.
This means that the maximum stress and strain, and stress-and strain-rates, experienced by the sample can vary over a considerable range of values. A theoretical analysis of constant energy testing shows that the applied stress depends on both the modulus and the thickness of the sample [31] and the strain-rate clearly depends on the sample thickness. The data showed that both the dynamic and the quasi-static moduli were found to be correlated with tissue thickness, although in opposite ways.
The thickness of the cartilage over the femoral head, thicker superiorly and thinner on the inferior aspect, and the variation in composition were consistent with results from previous studies [32] [33] [34] . The mean thickness is small, but typical for elderly tissue, and non-contact measurement ensures no compression occurs during measurement. The pattern for the quasistatic modulus generally followed that of the thickness, with the thickest and stiffest cartilage being found on the superior aspect of the femoral head [33, 35, 36] . A partial explanation of this may be provided by the analysis of Eberhardt et al. [37] who related stresses in the tissue to the ratio of contact area to thickness. Increasing thickness, leading to a smaller ratio, resulted in greater stresses for a given strain and, hence, a greater modulus.
Dynamic measurements showed a reversal of this pattern with the stiffest cartilage being found in the inferior region and peripheral areas of the femoral head, where the cartilage was thinnest. Adjusting the measurements as if to unit thickness, however, removed the site variation indicating that thickness, rather than composition, has the main effect on the measured values of E dyn . Unsurprisingly, the thicker and softer the cartilage, the more energy is absorbed and this provides a mechanism to absorb energy in the most heavily loaded regions to prevent crack formation and propagation. Curiously, there was no significant sitevariation of the strain in the tissue at the point of maximum modulus and the variation in this value measured during rapid loading was considerably less than the variation in either modulus or thickness. A six-fold variation between smallest and largest E dyn , ranging from 25
MPa to 150 MPa, and thickness, between 0.42 and 2.57 mm, resulted in only a 2.5-fold variation in strain at peak modulus. It has been suggested that the chondrocytes can optimize the tissue modulus in order to produce a strain environment conducive to their survival [38] and perhaps this result reflects a consequence of that hypothesis; composition (controlling modulus) and thickness being jointly regulated to try to ensure strains are maintained within certain bounds.
Water flow has less time to occur during an impact, which typically lasts about 0.5 ms, and the absence of any measurable loss of mass during impact supports our previous studies that no water is expelled at high rates of loading [15] , despite the large strains developed. Studies using rapid, although not true impact, loading have reported fluid losses that decreased with increasing loading rate and were a few percent at the highest rates of loading [14] . Previously, we, and others, have suggested that cartilage subjected to impact loading might be expected to become more elastic [15, 21] on the premise that water would not have time to flow and would generate an increased hydrostatic pressure. However, experiment shows that this is not the case. The impact remains viscoelastic, the coefficient of restitution decreases with increasing impact velocity and, in a separate study, we found that a non-linear modification of a
Maxwell-like viscoelastic model was needed to fit the data [30] . Given the high water content, we hypothesize that to understand the mechanical behaviour of cartilage over a wide range of loading rates it might be better considered as a hydrogel than a porous solid. Although no visible damage occurred, the small mass increase following re-immersion in fluid indicates that some internal or structural damage has occurred enabling the tissue to swell slightly.
A number of factors complicate the testing of articular cartilage in practice; friction between the sample and the loading platens leads to an overestimation of the modulus [39] [40] [41] and the small aspect ratio (height/diameter) of the samples make the specimen-platen considerations even more important. Because the samples had the same diameter may mean that these effects will be similar across all the samples. The testing chosen was unconfined and slow testing was done to a fixed stress whereas impact was to a constant energy. The samples were also taken from elderly individuals and extrapolating to younger tissue is not possible. These issues make measurement of absolute material properties difficult but may not seriously impair the comparative nature of the tests in this study as all samples were subjected to the same testing regimes.
The relationship between composition and mechanical properties depends on many factors, including species [42] , joint and site within a joint [35, 43] and testing regime (unconfined or confined compression, tension, shear etc.). Early studies suggested that cartilage compressive properties are related most strongly to water and GAG content [44] ; but more recent studies have indicated a more complicated relationship. For example, in earlier studies, water, sulphated GAG and a measure of collagen content were required to account for over 80 % of the variance in the equilibrium compressive modulus [45] , and in studies of bovine carpometacarpal joint cartilage we found no site variation in mechanical properties despite a variation in composition similar to that found over human femoral heads [12] . The large deformations experienced by the tissue during an impact [30] , and the lack of time for fluid to flow, are likely to underlie the dependency of dynamic modulus on collagen and water contents rather than GAG content. The correlation coefficients, however, indicate that only about 25 % of the variance in dynamic modulus is explained by the composition as measured.
It is not clear why the collagen content we measured was lower than previous studies, which have suggested about 16% in femoral head cartilage from similar-aged individuals [46] . The site variation is similar to that found previously and a systematic difference should not affect the correlations. Using chondroitin sulphate as the standard will underestimate GAG content as it will not account for keratan sulphate or hyaluronon. We chose this, however, as chondroitin sulphate will be the largest contributor to fixed-charge density and swelling pressure, and is present in greater molar quantities. Other proteins, e.g. the core protein of aggrecan, and non-sulphated polysaccharides such as hyaluronan will comprise the mass not accounted for and it is possible that these could explain more of the variance. Modelling studies [47] have supported the idea that interactions between collagen and GAG are also important [11, 48] , and if the tissue is considered as a fibre-composite material then these interactions, which govern the way stress is transferred from the matrix to the fibres, are crucial for determining the material properties [11] .
Most previous studies of cartilage mechanical behaviour, and especially those trying to relate function to composition, have been done at slow rates of loading. This study extends these into physiological and pathological rates of loading. Elderly human articular cartilage is a resilient tissue whose modulus increases non-linearly with rate of loading. During impact loading, the peak modulus reaches values approaching two orders of magnitude larger than those measured during quasi-static loading. The coefficient of restitution varies little over the femoral head and the dynamic modulus is smallest where the tissue is thickest, providing an energy absorbing mechanism. Composition alone is a poor predictor of modulus at both slow and fast loading rates. Fibre-reinforced composites depend crucially on the interactions between the fibres and their surrounding matrix and it is in understanding and controlling these that much work needs to be done.
